When simulating the propagation of a pressure pulse in arteries, the discretization parameters (i.e. the time step size ∆t and the grid size ∆x) need to be chosen carefully in order to avoid a decrease in amplitude of the traveling wave due to numerical dissipation. In this paper the effect of numerical dissipation is examined using a numerical fluid-structure interaction (FSI) model of the pulse propagation in an artery. More insight in the influence of the temporal and spatial resolution of the wave on the results of these simulations is gained using an analytical study in which the scalar linear onedimensional transport equation is considered. Although this model does not take into account the full complexity of the problem under consideration, the results can be used as a guidance for the selection of the numerical parameters. Furthermore, this analysis illustrates the difference in accuracy that can be obtained using a second-order implicit time integration scheme instead of a first-order scheme.
Introduction
The measured blood pressure is the resultant of forward pressure waves, traveling from the heart towards the peripheral arteries and backward pressure waves, generated by reflections along the arterial path and in the periphery. The later reflected compression waves reach the heart, the less they generate an additional load on the heart. A compression wave reaching the heart in early systole (as is the case for older people with stiffened arteries or for patients with hypertension) leads to an increased systolic blood pressure and is a major risk factor for developing cardiovascular diseases [1, 2, 3] . The analysis of wave travel and reflection, sometimes referred to as 'pulse wave analysis', is increasingly used for the assessment of arterial and cardiovascular health and for the early diagnosis of cardiovascular risk.
One of the many possible applications of pulse wave analysis, is the study of wave reflections generated by a repaired aortic coarctation. Aortic coarctation is a congenital disease characterized by an obstructive narrowing of the upper descending aorta. The treatment can be minimally invasive using a stent and/or balloon catheter to dilate the coarctation zone [4, 5] , or the narrow section can be removed surgically [6] . However, even after successful treatment a local stiffening remains, caused by the presence of the stent or the scar tissue. This stiffening generates an impedance mismatch and is a source of wave reflections that reach the heart fast, given the short distance to the heart [7] . Analysis of these wave reflections could thus be used to estimate the effect of the treatment of aortic coarctation on the load on the heart.
The study of wave reflections can either be based on experiments (using in vivo or in vitro pressure and velocity measurements), or on data obtained from computational models of various levels of complexity. With advances in computing power and numerical algorithms, computational simulations are extensively used for applications where experimental data are limited or unavailable. One-dimensional (1D) models are used to study wave propagation phenomena in the entire arterial tree or major parts of it (see, e.g. [8, 9, 10, 11] ) whereas local flow field details can only be obtained from threedimensional (3D) computational fluid dynamics or more complex fluid-structure interaction models (see, e.g. [12, 13, 14] ). Provided that the model parameters faithfully represent the physical quantities of the arterial system and the numerical parameters are chosen carefully, these computational models can accurately predict the pressure and flow fields.
However, in many simulations, too little attention is paid to the proper selection of the numerical parameters. In that case considerable numerical dissipation and dispersion may influence the results and have a significant impact on the calculated waveforms and subsequent data interpretation. When simulating the propagation of a short pulse in an artery, for instance, the time step size needs to be carefully chosen in order to avoid a decrease in pulse amplitude that is not only caused by viscous dissipation [15, 16] . Parameters that affect the numerical dissipation are the time step size ∆t and the grid size ∆x, which are mostly chosen sufficiently large to reduce the calculation time, but should be adapted to the period of the present wave harmonics and their wavelength.
The aim of this study is threefold. First, a numerical study is performed to illustrate the effect of the previously mentioned parameters on the simulation results. Second, the FSI problem under consideration is simplified to the 1D blood flow in a flexible tube and a von Neumann analysis [17, 18] is presented in which the relation between the numerical dissipation and the discretization parameters is derived for a certain combination of discretization in space and time. The methodology followed in this study can, however, be used in a straightforward way to study other discretization schemes. Third, these results are applied to determine the numerical parameters necessary for the simulation of the pulse propagation in a locally stiffened tube (i.e. a simple model representative for an aorta with repaired aortic coarctation) and the hemodynamic impact of the stiff segment is studied.
Materials and methods

Numerical study
To illustrate the effect of the discretization parameters, a numerical study is performed in which the propagation of a sinusoidal pressure pulse in a straight tube is simulated using a two-dimensional axisymmetric FSI model. Different time step sizes and grid sizes are used to analyze their influence on the numerical dissipation.
FSI model
The geometrical model consists of a two-dimensional axisymmetric tube with a length of 60 cm, an inner diameter of 1.5 cm and a wall thickness of 0.15 cm (see Figure 1 ). At the inlet of the fluid domain a sinusoidal pressure pulse (period of 15 ms, amplitude of 250 Pa) is applied. At the outlet a reflection free boundary is implemented. This is done by imposing the following relation between the change in outlet pressure, ∆p(t) = p(t) − p(t − ∆t), and outlet velocity ∆v(t) = v(t) − v(t − ∆t) at two consecutive time steps.
In this equation ρ f represents the blood density and c the wave speed. The latter one is adapted according to the pressure level by means of the Bramwell-Hill equation.
In this equation A represents the cross section of the tube. c is calculated in a separate structural analysis (Abaqus FEA) for different values of p in a range from 500 to 1500 Pa and linear interpolation between these data points is performed. Both ends of the tube wall are fixed in longitudinal direction. Blood is modeled as an incompressible and Newtonian fluid (density 1050 kg/m 3 , viscosity 3 mPas) and the flow is laminar. A linear elastic material model is used to describe the wall behavior (Young's modulus 250 kPa, Poisson's ratio 0.49, density 1200 kg/m 3 ). These parameters yield a pulse wave velocity of 4.86 m/s and thus a wavelength of 0.073 m in unloaded state. All simulations are performed until time periodic solutions are obtained (i.e. until the change in amplitude of the pressure wave at the end of the tube at two consecutive periods becomes less than 0.2%). The FSI problem is solved in a partitioned way, as such the equations for the blood flow and the deformation of the structure are solved separately. The flow equations are solved using a pressure-based solver (ANSYS Fluent), which computes the flow in a segregated manner using the SIMPLE algorithm [19, 20] . A second-order upwind discretization scheme is used for the convective term in the momentum equation. The diffusion terms are central differenced and are second-order accurate. For the temporal discretization of the flow equations a second-order implicit scheme is applied. A finite element package (Abaqus FEA) is applied to calculate the wall deformations. The nonlinear equilibrium equations are solved using the Newton method with a fixed time increment. For the temporal discretization of the structure the operator defined by Hilber, Hughes and Taylor [21] is applied, which is an unconditionally stable scheme and possesses controllable algorithmic damping properties.
To obtain an accurate calculation of the stress on the fluid-structure interface, the flow equations are solved in an Arbitrary Lagrangian-Eulerian formulation on a deforming mesh. The structural equations are solved in a Lagrangian frame.
Besides a flow solver (ANSYS Fluent) and a structural solver (Abaqus FEA), a coupling algorithm is required to take into account the interaction between the flow and the motion of the structure. Due to the flexibility of the arterial wall and the comparable density of the blood and the structure, this interaction is strong. A stable and efficient algorithm is therefore needed to solve the coupled problem within an acceptable time. In this work a quasi-Newton algorithm with an approximation for the inverse of the Jacobian (IQN-ILS) is used, which requires fewer coupling iterations per time step than dynamic relaxation techniques [22] .
Governing equations
The equations that describe the unsteady flow of the Newtonian, incompressible, viscous fluid are the conservation of mass and the Navier-Stokes equations, given by
with v f the flow velocity, t the time and f f the body forces per unit of mass on the fluid. The stress tensor σ f is defined as
with I the unit tensor and τ the viscous stress tensor. The velocity of the structure v s is determined by the Cauchy momentum equation that describes the non-relativistic momentum transport in any continuum.
In this equation ρ s represents the structural density, σ s the Cauchy stress tensor and f s the body forces per unit of mass on the structure. The notation D/Dt refers to the material derivative. The equilibrium conditions on the fluid-structure interface are the kinematic condition v f = v s (7) and the dynamic condition
n f and n s represent the unit normal vector that points outwards from the fluid respectively the structural domain.
Analytical study
One possibility to examine the effect of the discretization parameters at the start of a simulation, is to perform a numerical study as described in section 2.1. However, this can be very time consuming as FSI simulations are characterized by a high computational cost.
Another possibility to gain insight in the influence of the temporal and spatial discretization on the numerical dissipation is to perform an analytical study in which the 2D or 3D FSI problem is simplified to the one-dimensional one and the scalar linear transport equation is considered. Even though the von Neumann analysis is a well documented topic, this option is often overlooked or unknown to researchers performing numerical FSI simulations. A brief description of the analysis is given in the next section. A more distinguished analysis can be found in [17, 18] . Although the model does not take into account the full complexity of the problem under consideration, the results can be used as a guidance for the selection of the numerical parameters.
Transport equation
The scalar linear one-dimensional transport equation is given by
where c is the speed of propagation of the scalar u, which is a function of time (t) and space (x). Assuming that c is constant, the wave component of the solution with wavenumber k can be written as
with B a constant and j the imaginary unit. The wavenumber k is inversely proportional to the wavelength λ, given by the product of the speed of propagation c and the period of the wave T .
Eq. (10) can be split into a time dependent ϕ(t) and a space dependent part ψ(x).
Spatial discretization
The artery through which the pressure pulse propagates is discretized in spatial intervals of equal length ∆x. For the analysis, a second-order upwind discretization scheme [19] is used for the convective term in the transport equation, as this scheme will be used in the numerical simulations afterwards. Nevertheless, this analysis can be repeated for other schemes in a straightforward way. The spatial discretization of Eq. (9) is thus given by
After substitution of Eq. (12), the spatially discretized transport equation becomes
with
and
Time discretization
Eq. (15) is subsequently discretized in time. Two schemes were applied, however, the analysis can easily be repeated for other discretization schemes. Using a secondorder implicit scheme, the time discretization of Eq. (15) is given by
This scheme is unconditionally stable and is well suited for the simulation of wave propagation.
To examine the effect of the accuracy of the time integration scheme, the numerical dissipation obtained with the second-order scheme is compared to the one obtained with a first-order scheme. Using the backward Euler scheme, the time discretization of Eq. (15) is given by
Although this scheme is not very accurate, it is unconditionally stable and is implemented in most numerical solvers and is therefore used in many applications [15] .
Substituting Eq. (12) and the Courant number, given by
in the previous equations, Eqs. (18) and (19) respectively become
Numerical dissipation
Defining the amplification factor G as
the numerical dissipation after one time step of a sine wave traveling with a constant speed can be calculated by
for the second-order scheme and by
for the first-order scheme. The numerical dissipation after one time step is thus a function of two dimensionless parameters: ∆x/λ, being a measure of the spatial resolution of the wave and ∆t/T , which is a measure of the temporal resolution of the wave. Remark that, in some methods, due to restrictions in the Courant number, ∆x and ∆t cannot be chosen independently [23] . This is, however, not the case for the implicit method used in this analysis. Usually, the simulation of wave travel does not consist of one time step, but a certain time t is needed for the pressure pulse to propagate through the computational domain, given by the ratio of the length of the domain to the speed of the wave. As t/∆t consecutive time steps are needed for the simulation of this propagation, only a factor |G| t/∆t of the original pulse will remain after the last time step. The numerical dissipation after a propagation time t is thus given by
Note that if one is interested in capturing the reflections at the boundaries of the computational domain, also their propagation time should be considered in the calculation of the total numerical dissipation.
Numerical study on the hemodynamic impact of local stiffening
The results from the previous studies are finally used to determine the settings necessary to obtain a grid and time step converged simulation of the wave propagation and reflection in a model of an aorta with repaired aortic coarctation. As the high level of complexity, inherent in patient-specific aortic models, may hamper the insights provided by these models, a simplified model of repaired aortic coarctation is used. The aorta is represented by a three-dimensional flexible tube and the effect of the repaired aortic coarctation is modeled by including a 5 cm long stiff segment, 15 cm distal to the inlet (see Fig. 2 ).
FSI model
Two cases are studied. In the first case, the positive half of a short sinusoidal pressure pulse (period T of 60 ms, amplitude of 1470 Pa which is representative for the foot of a physiological pulse) is imposed at the inlet. A linear elastic material model is used to describe the wall behavior (Young's modulus 250 kPa, Poisson's ratio 0.49, density 1200 kg/m 3 ). The stiff segment is chosen six times stiffer than the flexible wall (Young's modulus 1500 kPa). In the second case, a physiological pressure pulse (period T of 1 s, amplitude of approximately 60 mmHg) is used as an inlet boundary condition. As the deformations become more pronounced in this case, a hyperelastic material model is used (a reduced form of the generalized Mooney-Rivlin) with experimentally obtained coefficients for the human aorta (C 10 = 18.9, C 01 = 2.75, C 20 = 590.4, C 11 = 857.18 and C 30 = 0 kPa) [24] . The behavior of the local stiffening is modeled using a linear elastic model (Young's modulus 1500 kPa).
In both cases a reflection free boundary is used ( at the outlet of the fluid domain to isolate the effects of reflections due to the presence of the stiff segment.
Wave separation
To analyze the wave reflections generated by the local stiffening, the pressure waves are decomposed into their forward and backward propagating components. A condensed version of the mathematics behind wave separation is presented. More details can be found in [25] .
If ∆p ± and ∆v ± represent the changes in pressure and velocity in the forward '+' and backward '-' waves, additivity requires ∆p = ∆p + + ∆p − (27a)
From the characteristic decomposition it follows that a simple relation exists between the changes in pressure and velocity in any wavefront, given by the water hammer equations.
Eqs. (27a), (27b) and (28) can be solved for the forward and backward pressure changes. This results in
The forward and backward pressure waves are finally calculated by summing these wave fronts
As the flow is initially at rest, no pressure waves are present at t = 0.
Results
Numerical study
The importance of a proper time step size is illustrated in Figure 3 . This figure shows the pressure contours along the tube obtained for a simulation with a low (top) and a high temporal resolution (bottom). A strong decrease in amplitude during wave propagation can be observed for the simulation with the lowest temporal resolution and inaccurate results are obtained due to numerical dissipation. The simulation of the wave propagation is performed for different values of ∆t/T , ranging from 0.0667 to 0.0042. Besides numerical dissipation of the pressure pulse, also viscous dissipation occurs during propagation. The numerical dissipation can thus not simply be determined by considering the reduction in amplitude of the pressure wave. As the amplitudes of the propagating waves, simulated with ∆t/T equal to 0.0083 and 0.0042 are almost equal, it can be concluded that the numerical dissipation becomes negligible using a value of 0.0042 for ∆t/T . In that case the amplitude reduction is considered to be only due to viscous dissipation. As the viscous dissipation after a time t is independent of the time step size, additional amplitude reductions in the simulations with a larger time step size are caused by numerical dissipation.
To calculate the numerical dissipation after a propagation time t, the relative reduction in amplitude ϕ of the time periodic wave at two positions (x 1 and x 2 ) along the tube is considered. These positions are chosen such that the time for the wave to propagate with a speed c from point x 1 to x 2 is equal to t. To clear out the effect of viscous dissipation, the relative amplitude reduction obtained for the time step size independent simulation is subtracted from this relative amplitude reduction. Using a value for ∆t/T equal to δ, the numerical dissipation after a propagation time t, is thus calculated by Similar, simulations with different values of ∆x/λ ranging from 0.0027 to 0.044 are performed. Grid independent results are obtained for a value of ∆x/λ equal to 0.0027 and this simulation is thus used as a reference for the other simulations. Using a value of ∆x/λ equal to δ, the numerical dissipation after a propagation time t, is thus calculated by
In Fig. 5 the effect of ∆x/λ on the numerical dissipation after a propagation time t is shown for different values of t/T . It can be seen that the numerical dissipation increases more than linearly with increasing ∆x/λ. For the configuration studied here (secondorder accurate in space and time), a relatively low temporal and spatial resolution can be sufficient to restrict the numerical dissipation. Since in cardiovascular simulations the grid size is typically a few orders smaller than the wavelength of the present wave harmonics (approximately ranging from 5 to 0.25 m), the spatial resolution will have no significant effect on the numerical dissipation. Only for very short pulses, the grid size may become influential. Figs. 4 and 5 demonstrate that the propagation time t has a large impact on the total numerical dissipation. Fig 6 depicts the relation between the temporal resolution of a wave and the numerical dissipation after a propagation time t as derived in the analytical study and compares the results obtained with a first-order scheme (left) to the ones obtained with a second-order scheme (right). According to this figure the numerical dissipation increases less than linearly with decreasing temporal resolution for the first-order scheme whereas for the second-order scheme, a more than linear increase can be observed. On the other hand, a much higher temporal resolution is required to obtain the same degree of numerical dissipation. For example, to limit the numerical dissipation after a time t/T = 2.67 to 5%, a temporal resolution of 1000 time steps per period is needed for the simulation using the first-order scheme while only 27 time steps per period are required for the simulation using the second-order scheme. Compared to the results derived in the numerical study (Figure 4) , the same nonlinear relationship between the numerical dissipation and ∆t/T can be observed and a qualitative and quantitative agreement is found. (Fig.  5) , the analytical results slightly overestimate the numerical dissipation. The analytical study, however, considers the damping in time of a wave that remains periodic in space, whereas in the numerical study, the dissipation is analyzed by studying the reduction in amplitude of a wave while it propagates along the tube and is thus not periodic in space. One should keep in mind, however, that the analytical study is only a guidance for the selection of the numerical parameters as is considers a very simplified model of the blood flow in an artery. Although the period T and the speed of propagation c of the wave harmonics present in the system can mostly not be chosen arbitrarily, attention should be paid if their values are altered (which is for example the case during exercise or when the stiffening of the arterial wall is modeled). Fig. 8 (right) shows the numerical dissipation after one time step as a function of the period of the wave and the wave speed for a fixed ∆x and ∆t. Since both ∆t/T and ∆x/λ decrease with increasing wave period, the numerical dissipation will decrease exponentially with increasing period. A decrease of the wave speed leads to a reduced spatial resolution of the pressure wave (for a particular T and ∆x). This reduced spatial resolution results in a slightly increased numerical dissipation. Fig. 9 depicts the effect of the accuracy of the time integration scheme and illustrates the importance of a proper time step size selection when simulating the propagation of a short pulse in a locally stiffened artery (using the model from Figure 2 ). As these simulations involve the propagation of a pressure pulse, different wave harmonics will be present in the system. The lower the lower the frequency of the wave component, the better this wave is resolved in space and time and the more accurate it is simulated. Fig. 9 shows the pressure evolution along the artery at different times t during the propagation. A coarse time step size of 4 ms is used to simulate the results on the left, whereas the results on the middle and the right are generated with a small time step size of 1 and 0.25 ms respectively. As demonstrated in the analytical study, the simulation using the first-order scheme requires a much higher temporal resolution to obtain the same degree of numerical dissipation. As such, smaller time steps (2, 0.25 and 0.1 ms) are applied for this simulation. A strong decrease in amplitude during wave propagation can be observed for the simulations with the lowest temporal resolution. Another effect of the use of a coarse time step size is the damping of the wave reflections proximal to the stiff segment (indicated with an arrow in the figure on the right). 2nd order, 2nd order, 2nd order, 1st order, 1st order, 1st order, Figure 9 : Simulation of the propagation of a short pressure pulse in a locally stiffened tube using different time integration schemes (second-order, top, versus first-order implicit, bottom) and different time step sizes.
Analytical study
Numerical study on the hemodynamic impact of local stiffening
Selection of the numerical parameters
Next, the hemodynamic impact of a local stiffening is studied for the propagation of a short and a physiological pressure pulse. In the first case, a time step size of 0.25 ms will be used. In the second case, a time step size of 5 ms is chosen, as the numerical dissipation is less significant due to the large pulse period (1s). The fluid domain is meshed using a structured grid with approximately 28000 cells. 1500 quadratic continuum elements are used to discretize the arterial wall.
Wave separation analysis: short pressure pulse
In the straight tube, the presence of the stiff segment induces two backward waves. At the transition from the elastic tube to the stiff segment, the wave speed suddenly increases, causing the forward wave to be amplified and a backward compression wave (BCW) to be generated. The moment the pressure pulse leaves the stiff segment, the wave speed decreases again, causing the forward wave to be reduced and a backward expansion wave (BEW) to be created. This is demonstrated in Fig. 10 (top) , which shows the pressure and its forward and backward component proximal to (left), halfway (middle) and distal to (right) the stiff segment. Proximal to the stiff segment these two backward waves overlap with a time delay τ given by
where L sti f f ening represents the length of the stiff segment and c sti f f ening the local wave speed.
The overall comparison with the flow in a uniform tube, representing a healthy aorta, is shown in Fig. 10 (bottom) . The presence of the stiffening significantly alters the flow at the inlet of the model. The backward compression and expansion wave generated by the stiff segment can clearly be observed. At the outlet a small time delay between both pressure waves is visible, due to the increased wave speed in the stiff segment. The stiff segment reduces the amplitude of the flow wave by 11% compared to a straight tube. Fig. 11 (top) shows the pressure and its forward and backward component proximal to (left), halfway (middle) and distal to (right) the stiff segment for the propagation of a physiological pressure pulse. Proximal to the stiffening the backward compression and expansion wave overlap and cancel each other out. As a result, only a small peak in the backward component can be distinguished (BCW), caused by the time delay between both waves. The backward expansion wave (BEW), generated at the distal end of the stiff segment, is clearly visible in Fig. 11 (middle) .
Wave separation analysis: physiological pressure pulse
As can be seen in Fig. 11 (bottom), the local stiffening has almost no effect on the hemodynamic response in case a physiological pressure pulse is imposed at the inlet. Only for the flow at the inlet of the model small changes are found. 
Discussion and conclusion
When solving a differential equation by a numerical approximation method, numerical dissipation and dispersion may occur. The study of these errors and their effect on the solution is a well-documented topic, but is sometimes overlooked in FSI simulations, where the numerical parameters are often optimized with respect to time efficiency and stability rather than accuracy [15, 16] . Numerical dissipation is a general problem, occurring both in monolithic and partitioned FSI simulations. This papers aims to elucidate the effect of numerical dissipation on the solution of cardiovascular FSI simulations using both numerical simulations of the blood flow in an artery and an analytical study in which the scalar linear one-dimensional transport equation is considered.
The numerical dissipation depends on three parameters: ∆t/T and ∆x/λ, determining the temporal and spatial resolution of the wave harmonics and t/∆t, defining the number of consecutive time steps during which the dissipation occurs. It is shown that for a second-order upwind discretization scheme in combination with a second-order implicit time integration scheme, the numerical dissipation after a propagation time t increases more than linearly with increasing ∆t/T (Fig. 4 and Fig. 6 right) and with increasing ∆x/λ (Fig. 5 and Fig. 7) . Furthermore, the comparison is made with a simulation for which a first-order implicit time integration scheme is used, demonstrating the need for a much higher temporal resolution in the latter case ( Fig. 6 and Fig.  9 ). Since in cardiovascular simulations, the grid size is typically a few orders smaller than the wavelength of the present wave harmonics, the spatial resolution will have no significant effect on the numerical dissipation.
As both the time step size and the grid size can affect the numerical results considerably, their influence should be examined at the start of the simulation. This can be done analytically and/or numerically. The analytical study in which a simplified model of the problem is applied can be used as a guidance for the selection of the discretization parameters. The final choice of these parameters should preferable be made by studying the accuracy of the numerical simulations in which the full complexity of the problem is considered. When the pulse period and/or the wavelength change (which is the case during exercise) or the propagation time increases the grid size and/or the time step size need to be adapted in order to obtain the same degree of numerical dissipation.
In addition, the grid and time step converged wave propagation in an aorta with repaired coarctation is studied. While other FSI studies on aortic coarctation focus on the reduction of the cardiac load when comparing the pre-intervention and postintervention hemodynamic conditions [26] or the hemodynamic impact of surgical reconstructed aortic arches [27] , this analysis focuses on the reflections generated by the local stiffening remaining after the treatment of aortic coarctation.
While patient-specific FSI models have the convenience of taking into account the full complexity of the problem under consideration, their high level of complexity may also hamper the analysis and insights provided. In this work, a very simplified model of repaired aortic coarctation was used. The advantage of this model is that the only reflections present in the model originate from the local stiffening and can thus easily be interpreted. However, to obtain a complete analysis, a patient-specific geometry should be applied, including the residual narrowing, which often remains after the treatment of aortic coarctation. Besides discrete reflections, generated at the branching of the aorta and by the residual narrowing and stiffening, also scattered wave reflections will be present, caused by the tapering of the aorta.
In a first case the propagation of a short pressure pulse is simulated. The main motivation for the study of this setup, is that the different reflections become clearly distinguishable. Indeed, the time delay τ between both waves is of the same magnitude as the duration of the pulse itself (8.4 versus 30 ms). The simulation of a short pulse consequently improves the understanding of the phenomena involved.
The simulation of a physiological pressure pulse, on the other hand, can be used to predict the actual hemodynamic impact of a local stiffening. Although the simulation of the short pulse suggests quite an important alteration of the hemodynamic quantities, no significant changes are found for the case of a physiological pressure pulse. This counter-intuitive result can, nonetheless, be explained by recalling the reflections induced by the stiff segment. At the transition from the flexible artery to the stiffening, a backward compression wave is generated, immediately followed by a backward expansion wave, created at the outlet of the stiffening. Proximal to the stiff segment, both waves overlap and cancel each other out, as such leaving the hemodynamic quantities almost undisturbed.
These results are in agreement with the results of the one-dimensional studies published in [28, 29] . In these studies a 1D model was developed to predict the hemodynamic impact of a stent, modeled as a local stiffening. Both studies concluded that the major effect of the presence of the stent is a small pressure build-up proximal to the stent. Increased stiffness and length of the prosthesis amplified this effect. In [28] , the magnitude of the reflected wave was less than 1 % of the normal pulse pressure, for all cases tested. In [29] larger pressure raises (up to 12%) were reported. However, this study did not use physiologically correct values for the dimensions and physical properties.
In practice, more than two backward waves are created. Particularly, the BEW generated at the distal end of the stiffening, will reflect in a forward compression wave (FCW) at the proximal end of the stiffening. This wave will re-reflect at the distal end of the stiff segment, creating a second BEW, which in turn, generates a second FCW and so on. As such, part of the wave energy will reach the outlet with a delay (as a sequence of compression waves). This explains the amplitude reduction at the outlet, observed in Figure 10 . These phenomena are clearly illustrated in [30] , in which the propagation of a 2.5 ms wide pulse is studied. Considering that each reflection is just a fraction of the original wave and the time delay between the different reflections is very small compared to the pulse period, these secondary reflections are not individually observable in the studied examples.
